Introduction {#sec1-1}
============

With one in four people at risk of developing symptomatic hip osteoarthritis in their lifespan, the need for an adequate treatment to address this disabling condition has always been high.[@ref1] In the late 19^th^ century, the first attempt at a surgical solution took place through experimental interposition of various tissues (e.g., fascia lata, skin, or even pig\'s bladder) between the articulating surfaces of the hip.[@ref2] After several unfruitful attempts with even glass and ivory as an interface, Philip Wiles[@ref3] finally developed the first prosthetic total hip arthroplasty (THA) in 1938 using a metal-on-metal bearing. Unfortunately, his records were lost during the Second World War. McKee, a trainee of Philip Wiles, resumed the development of an uncemented metal-on-metal implant that faced problems of loosening and subsequent mechanical failure. The next-generation cemented McKee-Farrar THA in 1960 was the first successful widely adopted THA.[@ref4] Around the same time in another part of northwest UK, another British surgeon, Sir John Charnley was working hard on the concept of a low-friction arthroplasty. During the 1950s, he first experimented with an unsuccessful resurfacing design based on Teflon bearings after which he gradually evolved to the successful cemented arthroplasty design with a metal-on-polyethylene bearing. Facing the competition by McKee and Ring\'s type metal-on-metal THA in the 1970s, Charnley decided to demonstrate the superiority of the low-friction concept by setting up the famous pendulum experiment comparing the resistance by friction of each prosthesis. His low-friction arthroplasty won the experiment by far and as such it became the most popular THA at that time.

Nowadays, with over 83,000 primary hip joint replacements performed annually within the British NHS system and a reported 78% survival at 35 years of followup, THA is valued as one of the most successful orthopedic interventions of the 20^th^ century.[@ref5][@ref6] The development of the ideal THA has been a tale of trial and error, and until now, research has been focusing on improving the design, material and implantation techniques of THA. Clearly, this has been possible because of an intricate and historical relationship between biomechanics of the hip and design of the prosthesis. The aim of the current review, therefore, is to summarize the key concepts in biomechanics of the hip and their application to THA.

The First Bone Law {#sec1-2}
==================

The history of hip joint biomechanics kick started in 1870, when a German surgeon, Julius Wolff, pioneered the mother of all bone laws stating that bone adapts to the loads it is being exposed to.[@ref7] Wolff based his concept of the functional form of bone on the similarity between the inner structure of the proximal femur and the lines of internal stress observed in the Fairbairn steam crane \[[Figure 1](#F1){ref-type="fig"}\]. Previously, the innovative crane, designed by William Fairbairn in 1850, had been the subject of a profound mechanical analysis by the Zurich mathematician, Karl Culmann. At the same time, a professor of anatomy, Georg Hermann von Meyer, was studying the inner trabecular architecture of human bones. Both researchers met in 1966 and together they discovered the similarities between the calculated stress trajectories in the Fairbairn crane and the arched patterns of trabecular bone in the proximal femur. However, it was Wolff who not only acknowledged the similarities discovered by Culmann and von Meyer, but also hypothesized about the adaptive characteristics of bone when subjected to loading.[@ref8]

![(a) Fairbairn steam crane (b) inner trabecular architecture in the proximal femur](IJOrtho-51-359-g001){#F1}

Wolff\'s theory has a direct application to the design of THA. The femoral stems that bypass the proximal femur and transfer loads directly to the cortical bone at the distal end of the prosthesis will cause stress shielding \[[Figure 2](#F2){ref-type="fig"}\]. This process gradually results in bone resorption of the bypassed proximal femur and cortical thickening of the loaded distal cortex. Historical femoral stems made of solid metal are characterized by a high overall stiffness. The stiffness of the implant can be lowered by changing the design, as well as selecting materials with a lower elastic modulus such as titanium. Reduction of the implant stiffness at the metaphyseal region with the purpose of approaching the stiffness of bone has proven to be successful in limiting metaphyseal stress shielding.[@ref9][@ref10][@ref11] Furthermore, the addition of bioceramics (tricalcium phosphate) to proximal hydroxyapatite-coated stems has showed a modest reduction in the loss of proximal bone mineral density.[@ref12] In contrast, design alterations in distal stem shape such as cutouts, flutes, or clothespins have not been proven to avoid any stress shielding.[@ref13] Intuitively, the preservation of proximal bone stock is desirable as implant support and is beneficial in the longer run, should periprosthetic fractures occur or revision surgery be required. However, it is important to note that until now there have been no reports on spontaneous fractures or adverse clinical outcomes in the presence of stress-related bone resorption.[@ref14][@ref15]

![Stress shielding in a left uncemented femoral implant. Note the distal cortical thickening around the canal filling stem and resorption in the metaphyseal Gruen zones 1 and 7](IJOrtho-51-359-g002){#F2}

The Static Biomechanical Concept {#sec1-3}
================================

The biomechanical foundation laid by Wolff and Culmann was further elaborated by Koch[@ref16] in 1917 when he published his reference work on the predicted loading of the femur during gait. His calculations assumed a load of 100 lbs directed on the femoral head. He concluded that this load generated compressive forces along the medial side of the femur and both femoral condyles, whereas tensile forces were present on the lateral side. Furthermore, he stated that the lever arm of the bodyweight (BW) compared with the abductor lever arm was twice as long during unipodal stance, which means that the abductor force required to maintain an equilibrium must be twice that of the body\'s weight. Even though Koch\'s model was static and did not account for the effect of surrounding muscles on the loaded femur, it stood unchallenged as a reference model of hip biomechanics for the next 50 years.

Koch\'s model identified the inward varus stress during unipodal stance and assumed the action of the gluteus medius muscle to counterbalance this. Due to the unfavorable abductor lever arm, a theoretically high amount of force and thus high metabolic effort is required during gait. Therefore, Friedrich Pauwels[@ref17] introduced his updated biomechanical model in 1976; this included the iliotibial band functioning as a tension band which effectively transformed a part of the lateral distracting force into compressive force and additionally supported the abductor function. The static biomechanical model \[[Figure 3](#F3){ref-type="fig"}\] describes loading in the hip joint during the unipodal stance phase of normal gait. The model assumes a BW lever arm that is approximately three times the size of the abductor lever arm. Balancing the weight (total BW − the weightbearing leg), therefore, requires an abductor force that is three times the size of the BW. The vectoral sum of the forces acting on the femoral head (reaction force, F~R~) results in four times the partial body or approximately three times the total BW.

![The static biomechanical model of unipodal stance during gait. The body weight vector (F~w~), running perpendicular to the ground and originating from the center of mass, is counter balanced by the abductor force (F~A~). The magnitude of the bodyweight equals the bodyweight minus that of the weightbearing leg. The abductor force pulls along the trajectory of the gluteus medius/minimus muscle fibers. The bodyweight lever arm (B) is the perpendicular distance between the center of hip rotation and the bodyweight vector. As the center of mass moves laterally and the bodyweight increases, the abductor force will need to increase. The abductor lever arm (A) is the perpendicular distance between the center of hip rotation and the abductor force vector. If the abductor lever arm morphologically increases, the abductor force needed to counterbalance a given load decreases](IJOrtho-51-359-g003){#F3}

Pauwels performed extensive research on the biomechanical impact of a varus and valgus configuration of the proximal femur. He acknowledged the influence of the neck-shaft angle on the reaction force of the hip and thereby the magnitude of stress on the femoral head. The theoretical reaction force is up to 25% lower in coxa vara compared with the average hip, whereas in coxa valga, it is 25% higher. The change in magnitude of the reaction force is caused by the change in the length of the abductor lever arm. As the neck-shaft angle increases, the abductor lever arm decreases, thereby requiring a higher abductor force to balance the BW.[@ref17]

The Femoral Stem {#sec1-4}
================

By the early 1990s, these static calculations led to a renewed interest in the restoration of femoral offset in THA.[@ref18][@ref19] The femoral offset is the perpendicular distance from the center of rotation of the femoral head to the long axis of the femur.[@ref19] This two-dimensional (2D) radiographical measurement of a 3D structure varies depending on the rotation of the hip and thus requires X-rays to be taken in 15°--20° of internal rotation of the leg to expose the full length of the femoral neck on the anteroposterior views.[@ref20][@ref21] The average value is 44 mm and increases with both the femoral size and decreasing neck-shaft angle \[[Figure 4](#F4){ref-type="fig"}\].[@ref19][@ref22] The average neck-shaft angle in Caucasians is approximately 130°, with males tending more toward varus.[@ref23][@ref24] Besides the impact of the neck-shaft angle in the coronal plane, the amount of femoral version in the axial plane also influences the femoral offset.[@ref19][@ref25] An increase in femoral neck anteversion, compared with the average femoral version of 9° in Caucasians,[@ref26] results in posterior displacement of the greater trochanter and decreases the abductor lever arm.[@ref27] \[[Figure 5](#F5){ref-type="fig"}\] The decrease in "functional" offset has been shown to increase the hip joint reaction force.[@ref28] A large femoral offset is a reflection of a long abductor lever arm, which results in lower hip joint reaction forces. The theoretical advantage of a large femoral offset has been found to result in significantly decreased polyethylene wear in THA.[@ref29][@ref30] Sakalkale *et al*.[@ref30] performed staged bilateral hip replacements in 17 patients with identical implants except for the femoral component being a lateral offset type in one hip compared with a standard offset in the other hip. At a mean followup of \>5 years, the offset difference of 7 mm resulted in a wear rate of 0.21 mm/year in the standard offset THA compared to 0.10 mm/year in the lateral offset THA.

![Impact of neck-shaft angle on the femoral offset and hip joint reaction force. An increased neck-shaft angle results in a decrease in femoral offset and increase in hip joint reaction force. (a) Varus hip configuration of 115°, (b) mean Caucasian hip configuration with neck-shaft angle of 130°, (c) valgus hip configuration of 142°. FA: long axis of the femur, FO: femoral offset, F~R~: hip joint reaction force](IJOrtho-51-359-g004){#F4}

![Impact of femoral version on the "functional" femoral offset. As the femoral anteversion increases, the femoral offset decreases resulting in higher hip joint reaction forces. (a) 35° of femoral anteversion, (b) 10° of physiological anteversion, (c) 10° of retroversion](IJOrtho-51-359-g005){#F5}

Furthermore, restoring femoral offset during THA surgery is important because it controls the tension of the soft tissues, improves the overall functional outcome and abductor muscle strength.[@ref19][@ref31][@ref32] On the other hand, excessive femoral offset can lead to increased micromotion at the implant--bone interface,[@ref33] overloading of the femoral implant,[@ref34] and can be a cause for pain in the abductor complex and greater trochanteric region.[@ref35] Restoring a high native femoral offset, unfortunately, has the downside of increasing the varus and the rotational torque. Cantin *et al*.[@ref36] compared the fixation and survival of 280 lateralized stems to 527 standard Corail^®^ cementless stems over an average of 2-year followup. In both groups, the choice for a lateralized or classic stem was based on restoring the native femoral offset and as such there was no significant difference in femoral offset change pre- and postoperatively between both groups. In the lateralized stem group, however, five cases of symptomatic aseptic loosening were diagnosed compared with none in the standard stem group.

The Acetabular Component {#sec1-5}
========================

Implantation of the acetabular component of a THA is challenged by finding the optimal position as well as rotation of the cup.[@ref37] Failure to do so risks poor hip function,[@ref38][@ref39] dislocation,[@ref40][@ref41] squeaking of ceramic-on-ceramic components,[@ref42][@ref43] and edge loading resulting in increased wear.[@ref29][@ref44][@ref45]

The position of the cup is described in relation to the pelvis. The mediolateral implantation can be objectified by means of the acetabular offset: the shortest distance between the acetabular center of rotation and a perpendicular line to the interteardrop line, drawn along the projection of the most distal part of the teardrop.[@ref46][@ref47] The sum of the acetabular and femoral offset is equal to the combined offset. Ideally, the combined offset is restored in THA surgery to maintain tension of the abductor muscle complex. Overtensioning can lead to iliotibial band friction and trochanteric pain, whereas undertensioning risks instability of the replaced hip.[@ref19][@ref32][@ref48] When the center of rotation of the replaced hip is lateralized compared with the center of rotation of the native hip, the femoral offset needs to decrease which in turn results in higher joint reaction forces and ultimately more wear.[@ref30] Medializing the acetabular cup on the other hand will allow for a larger femoral offset, less joint loading, and therefore reduced wear.[@ref30][@ref49] This strategy can be useful in case of gluteal muscle insufficiency as well as to allow for a horizontal cup placement while maintaining sufficient bone coverage.[@ref45][@ref50] Moving the cup superiorly has been shown to increase joint loading by 0.1% for every millimeter of superior displacement of the hip center of rotation, which is however seven times lower than the 0.7% increase/mm when lateralizing the center of rotation of the hip joint.[@ref51]

In his biomechanical reference work, Pauwels also studied the importance of sufficient acetabular coverage and described the inversely proportional relationship between a decrease in weightbearing area and increase in joint pressure in dysplastic hips.[@ref17] Recent studies on contact stress distribution in the native hip joint confirmed the drastic increase of contact pressure in native hip joints with reduced anterior and especially reduced lateral coverage.[@ref52][@ref53] By means of a mathematical model of hip joint contact stresses, Daniel *et al*.[@ref53] showed that the dysplastic hip joints (center-edge angle of 13°) suffer from an increase of over 100% in contact pressure compared with normal hip joints during staircase climbing and level walking. Hip joints with an increased acetabular anteversion (42°) exhibited 70%--115% higher peak joint stresses during climbing downstairs compared with hip joints with a low acetabular anteversion (7°).

Acetabular component orientation in THA directly impacts on the risk of stem-cup impingement[@ref54][@ref55][@ref56] and dislocation.[@ref40][@ref57] In the long term, the amount of weightbearing area mainly influences the wear rate.[@ref29][@ref44][@ref45][@ref57][@ref58][@ref59] Radiological cup inclination is measured on an anteroposterior pelvic radiograph parallel to the anterior pelvic plane, i.e., a plane defined by both anterosuperior iliac spines and symphysis pubis.[@ref60][@ref61] The cup abduction angle represents radiological cup inclination and is defined as the angle between the inter teardrop line and the major axis of the cup projection.[@ref60] \[[Figure 6](#F6){ref-type="fig"}\] Radiographic cup anteversion is defined as the angle between the acetabular axis and the coronal plane and can be calculated with the proportion between the short and long axis on the anteroposterior pelvic view (anteversion = asin \[short axis/long axis\] × 180/π).[@ref60][@ref61] When the abduction angle decreases, the acetabular component is more horizontal resulting in an increased anterosuperior weightbearing area but decreased posteroinferior coverage.[@ref62] Increasing the cup anteversion will decrease the anterosuperior weightbearing area and increase the posteroinferior coverage.[@ref62] The anterosuperior weightbearing area should be sufficiently large to distribute the joint loading. A sufficient posteroinferior coverage is necessary to stabilize the joint, especially during flexion, internal rotation, and adduction activities. Finally, femoral anteversion also plays an important role in stability because increasing the anteversion will allow for more internal rotation but at the price of earlier impingement of the posterior neck with the posterior acetabular rim during external rotation. An excess of femoral anteversion can therefore lead to an anterior dislocation. Femoral anteversion of the stem will be mainly determined by the shape of the proximal femur in uncemented stems, but can be altered by 10°--20° in cemented stems.[@ref63] To allow for a maximal impingement-free range of motion, the combined anteversion of the femoral stem and acetabular cup for a given cup inclination has to be evaluated.[@ref54][@ref63][@ref64][@ref65] Overall, 40° ± 10° of cup abduction angle is advised together with a combined anteversion of approximately 40°.[@ref66][@ref67] The required cup anteversion during surgery can be calculated as follows: cup anteversion = 40 − 0.7 × stem anteversion.[@ref55][@ref64][@ref68]

![(a) Measurement of the AO and FO. (b) Cup abduction angle measured as the angle between the inter teardrop line and the major axis of the cup projection.[@ref60] (c) Anterosuperior weightbearing area in a cup with 45° of abduction and 15° anteversion, (d) reduced anterosuperior weightbearing area when cup is placed in 60° of abduction, (e) reduced anterosuperior weightbearing area with increased cup anteversion compared to image (c) of the same figure, green arrows representing SA and LA of the cup. Anteversion angle = asin (SA/LA) \*180/pi. AO: Acetabular offset, FO: Femoral offset, SA: Short axis, LA: Long axis](IJOrtho-51-359-g006){#F6}

Dynamic Biomechanics {#sec1-6}
====================

From the late 1960 onward, the study of biomechanics has moved toward dynamic analysis, thanks to advancements made in sensors, processors, and personal computers. In 1966, the measurement of the first *in vivo* hip loading was pioneered by Rydell[@ref69] who implanted an instrumented hip prosthesis in two patients. He managed to measure hip force data at a few days and at 6 months postoperatively. In the following years, English and Kilvington[@ref70] and later on Davey *et al*.[@ref71] performed a similar procedure in three more patients. However, their experiments were all hampered by the limited battery life of the instrumented implants, required for radiofrequency transmission of the loading data. It was Georg Bergmann[@ref72] who reinvented the instrumented hip prosthesis in 1988 by eliminating the need for a battery. He equipped the implant with an internal telemetric sensor circuit powered inductively by an extra corporeal electromagnetic field.[@ref73] Four patients who consented to having this instrumented hip implant and mechanical loading being transferred data during diverse activities of daily life were observed in a gait laboratory more than a year postoperatively.[@ref74] It was shown that the average patient loads his/her hip joint with 238% BW when walking and with slightly less when standing on one leg. Climbing upstairs results in a peak joint reaction force of 251% BW and 260% BW when going downstairs. Inward torsion of the implant in the horizontal plane is of importance for the stem fixation.[@ref75] Peak torsional implant moment is highest during stair climbing, which is 23% higher than normal level walking and 78% higher during squatting.

By quantifying *in vivo* hip joint reaction forces and moments during different activities of daily living, Bergmann established a reference library. The Orthoload database[@ref76] was made publicly available and has ever since been considered as the gold standard for validating the computational estimation of joint loading by means of musculoskeletal models. Musculoskeletal models had been in use around previously, but it was not until the early 2000s, before comprehensive full-body musculoskeletal modeling packages such as AnyBody[@ref77] and OpenSim[@ref78] were developed. Again, the exponential progress in computational power made the development of these complex models possible. At their core, these software packages simulate rigid bodies representing the bones that are connected by mechanical joints. Muscles functioning as actuators provide the joint torque necessary to accelerate and as such move the body. The system can solve the associated equilibrium equations with an inverse dynamic approach: the external forces and motions are known and the internal forces have to be computed.[@ref77] Validated musculoskeletal hip models[@ref79][@ref80] have been developed and allow for evaluation of activities of daily life, sports, or occupational activities as well as surgical strategies[@ref81] without the need for expensive and invasive *in vivo* experiments.

Next Generation {#sec1-7}
===============

Previously, research was aimed at unraveling the average biomechanics of the hip joint and its implants. However, the trend has changed in the past 10 years and the demand for individual evaluation of joint biomechanics has dramatically increased. Recently a subject-specific scalable lower extremity model (TLEM 2.0) has been developed that accounts for individual changes in muscle lever arms and as such allows a more accurate estimation of individual hip joint reaction forces.[@ref82] Combined with finite element contact analysis, this enables the prediction of variations in strain through cartilage layers and peak joint pressures based on bony shape and dynamic use of the joint.[@ref83] Currently, the biomechanical evaluation of individual cases is still quite laborious. However, the exhilarating potential of dimension reduction algorithms will provide almost instantaneous prediction of the personalized loading of a hip implant in the nearby future.[@ref84]

Conclusion {#sec1-8}
==========

The study of biomechanics in THA started out with unraveling the general biomechanics of the hip joint and the impact of joint replacement. Over the years, the mathematical insights have proven to be indispensable in both design and surgical techniques. The nearby future holds promising answers in individualized evaluation of total hip surgery which will hopefully translate into improved functional restoration and longevity in THA.
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